Ma B, Darquenne C. Aerosol deposition characteristics in distal acinar airways under cyclic breathing conditions. J Appl Physiol 110: 1271-1282, 2011. First published February 17, 2011 doi:10.1152/japplphysiol.00735.2010.-Although the major mechanisms of aerosol deposition in the lung are known, detailed quantitative data in anatomically realistic models are still lacking, especially in the acinar airways. In this study, an algorithm was developed to build multigenerational three-dimensional models of alveolated airways with arbitrary bifurcation angles and spherical alveolar shape. Using computational fluid dynamics, the deposition of 1-and 3-m aerosol particles was predicted in models of human alveolar sac and terminal acinar bifurcation under rhythmic wall motion for two breathing conditions (functional residual capacity ϭ 3 liter, tidal volume ϭ 0.5 and 0.9 liter, breathing period ϭ 4 s). Particles entering the model during one inspiration period were tracked for multiple breathing cycles until all particles deposited or escaped from the model. Flow recirculation inside alveoli occurred only during transition between inspiration and expiration and accounted for no more than 1% of the whole cycle. Weak flow irreversibility and convective transport were observed in both models. The average deposition efficiency was similar for both breathing conditions and for both models. Under normal gravity, total deposition was ϳ33 and 75%, of which ϳ67 and 96% occurred during the first cycle, for 1-and 3-m particles, respectively. Under zero gravity, total deposition was ϳ2-5% for both particle sizes. These results support previous findings that gravitational sedimentation is the dominant deposition mechanism for micrometer-sized aerosols in acinar airways. The results also showed that moving walls and multiple breathing cycles are needed for accurate estimation of aerosol deposition in acinar airways. acinar airway model; respiratory dosimetry; respiratory airflow; computational fluid dynamics ONE MAJOR FACTOR AFFECTING the efficacy of inhaled medications is their ability to deposit at the appropriate sites within the lung to maximize their therapeutic effects. Understanding the fate of inhaled particles in the lung is, therefore, critical in assessing the effectiveness of inhaled drugs. Aerosol deposition in the human lung has been studied for decades using both experimental, modeling, and computational approaches (9 -14, 16, 18, 19, 46, 47, 49, 50, 58 -61). Currently, most existing data are restricted to total and regional depositions, especially for distal alveolated airways, where no accurate experimental data exist due to the difficulty of acquiring such data in vivo. Current radiological imaging methods, such as positron emission tomography (66) and single-photon-emission computed tomography (24, 25), provide coarse estimations of total deposition in the lung periphery, but cannot reveal more details.
As a result, while the basic flow features have been described in previous experimental studies (2, 6, 40, 47, 48, 57, 65) with rigid or moving walls, detailed experimental data on particle deposition characteristics in acinar airways under tidal breathing conditions have been lacking. Most of the limited data on aerosol deposition patterns in acinar airways are based on computational models.
The lung expands and contracts during each breathing cycle. Correspondingly, the acinar airways change in size and shape during breathing. This feature requires that any accurate modeling study take into consideration the moving wall feature of the acinar airways. This is especially true for the alveolar sac, where only one end is open for gas transport. Since the mid-90s, a number of modeling and experimental studies (1, 2, 6 -8, 11, 27-30, 35, 37, 43, 48, 55-57, 60, 62, 63) on acinar airflow and aerosol transport under wall motion have been reported. These studies were either two-dimensional in nature, or used simple model geometry, such as single alveolus and duct, or have considered only a few gravity directions, or have considered only one single breaching cycle. To date, average deposition efficiency in multigeneration and multialveoli acinar airways under tidal breathing in normal and zero gravity have not been reported and can only be qualitatively estimated. Regarding mechanisms of aerosol transport and deposition, previous studies (3, 4, 27-30, 35-37, 57, 60 -64) have proposed that flow recirculation and irreversibility contribute significantly to mixing of aerosols in acinar airways. However, whether or not such features exist in the most distal air spaces have not been examined in detail, and studies that focus on the distal acinar air space, such as the alveolar sac, are rare, with a few exceptions (2, 11, 48, 56) .
The geometry of the acinar airways has been reported in several morphometric studies. Hansen et al. (32) reported that alveoli have several typical shapes, with the most prevalent shape being close to a ¾ spheroid. Alveoli with polyhedral shapes have been observed in other morphometric studies (31, 54) . Several three-dimensional (3D) geometrical models of the acinar airways have been used in past modeling studies, including cylinders surrounded by alveoli made of full (58, 59) or portions (11, 15, 33, 60) of annular rings, 14-sided polyhedron models (20, 21, 56) , spherical cap around a cylinder (22, 55) , and honeycomb-like polygonal geometries (43) . These models were used in various applications, such as simulating aerosol transport (11, 15, 33, 56, 58 -60) , lung mechanics (20, 21) , and apparent diffusion coefficient (22) . All of these models have their respective advantages and limitations, with the most serious limitation being the inability to incorporate bifurcations with arbitrary bifurcation angles. This limited most previous 3D simulations to one single alveolated duct. The two known existing models (33, 56) with multiple acinar gener-ations are both limited to a few fixed bifurcation angles (e.g., 90°).
Previous studies (3, 28, 29, 35, 36, 57, 60 -64) have shown that complex flow field exists in the distal air space, despite extremely low Reynolds number, due to chaotic flow induced by recirculation in alveolar cavities. It has also been suggested that including bifurcation areas in models of acinar airways was important due to the complex relationship between aerodynamic drag and gravitational sedimentation within the bifurcation zone (33) . Also, a recent simulation study (30) showed that the mechanism of geometrical interception affects particle deposition in alveoli, especially in the absence of gravity. Therefore, aerosol deposition in acinar air space depends on geometry in complex ways, and an anatomically based, multigenerational, alveolated model may potentially provide more accurate estimation than simpler models. In this study, 3D multigenerational models of the distal acinar airways were built that mimic some features of the real anatomy. Under rhythmic wall motion, air flow and aerosol particle deposition were simulated by computational fluid dynamics (CFD). The unsteady flow field was examined, and deposition efficiencies for several different spatial orientations of the models in normal gravity field, as well as under zero gravity, were obtained.
METHODS
Creation of acinar airway models. The models used in this study were based on observations of Hansen et al. (32) , i.e., alveoli have a spherical shape. An algorithm was developed to create 3D models of alveolated multigenerational acinar airways and is briefly described in the APPENDIX. Alveoli were assumed to have a spherical shape, while the lumen shape and bifurcation angles could be arbitrarily chosen. The closed end of the inner lumen of the alveolar sac was represented by a hemisphere. The alveolated acinar models were created by union of subunits (spheres and inner lumen volume) with the computer-aided design software Gambit (version 2.4.6, Ansys). The centers of the spheres lied on an outer surface that was larger than the inner lumen, but had a similar shape, and the final alveolar cavity had a shape close to a ¾ spheroid. The outer surface was densely triangulated, and the nodes were used as candidate locations for the centers of the spheres used to create the alveoli. The center of the first sphere was the node furthest from the model opening. The algorithm was then used to determine the location of additional spheres that were arranged tightly around the lumen. The spheres did not intersect with each other, but were separated by a minimum distance of 0.5 m. The model of an alveolar sac is shown in Fig. 1 , and an asymmetric five-generation acinar airway model is shown in Fig. 2 . The fivegeneration model was created for illustration purposes, and all inner lumen were assumed to have a cylindrical shape. Its bifurcation angle and bifurcation patterns were arbitrarily chosen, while the airway diameter and length were based on morphometry (31) . One of the two branches of each bifurcation is an alveolar sac, except for the last bifurcation, which has two alveolar sacs.
In this study, air flow and particle deposition simulations were performed for the alveolar sac model and three slightly different models of the terminal bifurcation, which consists of one parent branch and two daughter branches made of alveolar sacs. A few preliminary simulations were also performed using the five-generation model shown in Fig. 2 . In the present study, the alveolar duct lumen was assumed to have a cylindrical shape, except for the parent duct of the terminal bifurcation model, where a conic shape was assumed to match the lumen diameters between alveolar sac and the other acinar generations. The dimensions of the alveolar cavity and lumen were the average values for all 12 acinar generations in the morphometric measurements of Haefeli-Bleuer and Weibel (31), adjusted to a functional residual capacity (FRC) of 3 liters, using an approach similar to that in a previous study (33) , i.e., the linear dimension was scaled down by a factor (3/5.4) 1/3 ϭ 0.822. The model parameters at FRC for the alveolar sac were as follows: diameter of the sphere ϭ 200 m, lumen diameter ϭ 206 m, outer profile (the whole lumenalveoli complex) diameter ϭ 538 m, total length ϭ 832 m. The model parameters at FRC for the parent branch of the bifurcation model were as follows: diameter of the sphere ϭ 200 m, outer profile diameter ϭ 575 m, length ϭ 600 m, and lumen diameter varied linearly from 206 m at the bifurcation to 266 m at the proximal opening end. There were a total of 17 alveoli in the alveolar sac model. For the terminal bifurcation model, bifurcation angles of 90 and 120°were assumed. For the case of a 90°bifurcation angle, an additional case was considered in which the inner lumen size was increased by 5 m, while other dimensions remained unchanged, so that the alveolar mouth had a wider opening angle. The terminal bifurcation model contained 43 alveoli for the 90°bifurcation angle, and 44 alveoli for the 120°bifurcation angle.
Due to the arbitrary nature of the model geometry, the assumption of spherical alveolar shape, and the uniform size of the alveoli, full alveolation of the inner lumen surface could not be obtained. By comparing the inner lumen surface and the alveolated model surface, it was estimated that ϳ45-55% of the inner lumen surface was occupied by alveoli for the models in this study. Based on morphometric data of Haefeli-Bleuer and Weibel (31), ϳ25% of acinar air is contained in ducts and 75% in alveoli. For our alveolar sac model, the inner lumen (duct) volume is 0.0211 mm 3 , the whole model volume is 0.0886 mm 3 , and duct volume accounts for 24% of total volume; for our terminal bifurcation models, the inner lumen (duct) volume is ϳ0.066 mm 3 , the whole model volume is ϳ0.235 mm 3 , and duct volume accounts for ϳ28% of total volume. Therefore, despite that only one-half of the inner lumen surface is occupied by alveoli, the volume ratio between duct and alveoli is still comparable to the real lung.
CFD simulation of airflow and particle deposition. The acinar airway model was triangulated to create a surface mesh, from which a tetrahedral volume mesh was generated. The volume mesh was loaded into a commercial CFD software package Fluent (version 6.3.26, Ansys) for flow and aerosol simulations. The model volume was assumed to vary as a sinusoidal function of time with breathing with the model deforming isotropically, i.e., the shape of the model remained unchanged with breathing. Therefore, the linear dimension varied as the cubic root of the variation in lung volume from FRC. The dynamic mesh feature in the CFD software was incorporated as a user-defined function, where the motion of the model surfaces was defined. For both the alveolar sac and the bifurcation model, the proximal end was the inlet/outlet, while the rest of the surface was regarded as wall, where a no-slip condition was assumed. At the inlet, a constant static pressure was assumed. An isothermal incompressible gas flow was assumed during breathing; therefore, the change in model volume drives gas in and out of the model, as well as the flow inside the model. In the present study, a breathing period of 4 s with equal length of inspiration and expiration was considered. Two breathing conditions were simulated: one with a tidal volume of 0.5 liter, representative of normal resting respiration, and one with a tidal volume of 0.9 liter, representative of slow deep inhalations that have been shown to increase deposition efficiencies of inhaled drugs in the lung periphery (5) . For the assumed FRC of 3 liters, the volume excursions were 16.7 and 30%, respectively, for the two breathing conditions.
Starting from the stationary condition (time t ϭ 0 s), air flow simulation was performed for one full cycle to establish the flow field before particles were tracked in the model. Aerosol particles were assumed to be spherical, noninteracting with each other, and had the same density as water (1,000 kg/m 3 ). Particles with aerodynamic diameters of 1 and 3 m were considered. Starting from the second inspiration (t ϭ 4 s), aerosol particles of a fixed size (either 1 or 3 m) were released at the model inlet into the flow field. The particles had zero initial velocity and were released at the centroid of each triangle of the inlet surface. The particles were released once at each time step during one whole inspiration period. The number of particles released at each time step and the total number of particles released in one full cycle were 530 and 106,000 for the alveolar sac model, and 496 and 99,200 for the bifurcation model, respectively.
The Lagrangian particle tracking techniques commonly used in aerosol simulations (46, 47) were used to track the trajectory of each particle. The force balance equations for the particle considering inertia, drag, and gravity forces were solved at each time step to update the location of each particle. Once a particle hit the wall, it was assumed to deposit on the wall; when it hit the inlet surface, it was assumed to escape the model without being able to return. Particles that remained in suspension within the model at the end of expiration were tracked for additional breathing cycles until almost all (99.5-100%) initially tracked particles either deposited or escaped the model. The total deposition efficiency was defined as the percentage of total number of tracked particles that deposited on the model wall.
To estimate the effect of gravity on deposition, six different spatial orientations of the models in a 3D gravity field were considered. The direction of the outward normal vector of the inlet surface was always assumed to be in the positive z direction of the 3D Cartesian coordinate system. The six different gravity orientations were assumed to align with the coordinate system, i.e., up [positive
, and back [negative X (Xn)]. Due to the approximate axisymmetric nature of the alveolar sac model, four of the six orientations (left, right, front, and back) are identical in terms of effect of gravity, so only the up, down, and right (Z p, Zn, Yp) gravity orientations were simulated. For the bifurcation model, since the bifurcation is in the X-Z plane, the left and right orientations are identical, as are the front and back orientations, so only four gravity orientations were considered: up, down, front, and right (Z p, Zn, Xp, Yp). The average deposition for a model considering all possible gravity orientations in 3D space was approximated by the weighted average of those for either three (for alveolar sac) or four (for bifurcation) independent orientations. Represented by the respective direction, the average deposition for alveolar sac is as follows: sac ϭ (Zp ϩ Zn ϩ 4 Yp)/6, and for the bifurcation model, bif ϭ (Zp ϩ Zn ϩ 2 Xp ϩ 2 Yp)/6. The average number of cycles needed for full deposition or escape was computed using similar formula. Simulations under zero gravity were also performed for both models.
At each time step, a maximum residual of Ͻ10 Ϫ4 was enforced for both continuity and momentum balance equations. In some of the simulations, a residual criterion of 10 Ϫ5 was also used, but the total depositions were not changed by using a stricter residual criterion. A time step of 0.001 s was used in some preliminary simulations, and the total deposition was within 0.2% of that using a time step of 0.01 s. Therefore, a time step size of 0.01 s was used in all simulations. For the alveolar sac model, three mesh sizes with total number of tetrahedral volume cells of 277,000, 481,000, and 751,000 were used in preliminary simulations. The computed total deposition was within 0.2% of each other for the three mesh sizes, suggesting that meshindependent results were obtained; therefore, the lowest mesh size of 277,000 was used in all simulations. For the bifurcation model, three mesh sizes of 320,000, 649,000, and 951,000 cells were compared, and the difference in computed total deposition was no more than 1.3%. Therefore, the mesh size of 320,000 cells was used in all simulations. For both the alveolar sac and the bifurcation models, massless fluid particles were also tracked during a full breathing cycle for different mesh sizes. The trajectories of most fluid particles were almost identical for the different mesh sizes examined, confirming mesh convergence. Other model settings, such as those used for tracking particles, were chosen according to a previous study (46) , in which a set of optimum parameters was found based on extensive sensitivity studies.
RESULTS
Due to cyclic wall motion induced by respiration, air flows in and out of the acinar models. At the inlet of the bifurcation model, the Womersley number (ratio of flow unsteadiness to viscous effect, defined as ␣ ϭ 0.5D ͌ /, where D ϭ 0.0266 cm is inner lumen radius, ϭ 0.5/s is circular frequency of flow, and ϭ 0.17 cm 2 /s is kinematic viscosity of air) was 0.04; during a 2-s inspiration under tidal volume of 0.9 liter, the peak velocity at the center of the lumen was 0.17 cm/s, and the peak Reynolds number (ratio of flow inertia to viscous effect, defined as Re ϭ VD/, where V is mean flow velocity in a cross section) was 0.014. Therefore, the flow in these distal acinar airways exhibited low Reynolds number quasi-steady flow characteristics. Similar flow patterns were observed for both tidal volumes of 0.5 and 0.9 liter. Velocity vectors in the alveoli were oriented in the radial direction of the alveolar cavity, except at the end of inspiration and expiration, where recirculation was observed (Fig. 3) . Recirculation occurred in the proximal alveoli only during the transition between inspiration and expiration, with the total time when recirculation occurred being Ͻ0.04 s, or 1% of total breathing cycle. Flow directions inside the lumen and the alveolar cavities reversed with the switch from inspiration to expiration. Airflow velocity in the duct was about one order of magnitude larger than that in alveoli at the proximal end, and this difference decreased toward the distal end of the alveolar sac, where the duct and alveolar velocities were comparable. Some selected massless fluid particles near the model opening were tracked for one breathing cycle, and their trajectories are shown in Fig. 4 . For most fluid particles, the trajectory during expiration was almost identical to that during inspiration, except for a small difference at the end of the cycle, i.e., the particles were transported to a slightly different position from the initial position after one breathing cycle, showing weak flow irreversibility with breathing. Similar findings were observed in simulations with several different mesh density, time step size, and model geometry, suggesting that the observed weak flow irreversibility is probably a true phenomenon in the lung, rather than due to numerical errors.
Aerosol particles released into the flow field during the second inspiration period (t ϭ 4 -6 s) deposited onto the walls, escaped, or remained in suspension for one or multiple breathing cycles (Figs. 5 and 6). Figure 7 shows the position of (Fig. 7A) , the front of the aerosol cloud reached the level of the bifurcation at midinspiration (t ϭ 5 s), and as far as the middle of the alveolar sac at the end of inspiration (t ϭ 6 s). During expiration, the aerosol cloud moved back toward the outlet, but, due to the effect of gravity, the front of the aerosol cloud stayed at a deeper location at midexpiration (t ϭ 7 s) than at midinspiration (t ϭ 5 s). At the end of expiration (t ϭ 8 s), the particles that remained in suspension in the model were mainly located near the entrance and spread about one to two alveoli in length in the axial direction, showing the existence of dispersion. The front of the aerosol cloud reached similar axial depth in the acinar airways at the end of subsequent inspirations (t ϭ 10 and 14 s). The aerosol cloud at the end of subsequent breaching cycles (t ϭ 12 and 16 s) spanned increasingly larger axial lengths compared with the end of the second cycle (t ϭ 8 s), showing increasing dispersion with breathing cycles. As breathing proceeded, more and more particles deposited, and the number of particles that remained in suspension at the end of each successive breathing cycle decreased. Full deposition occurred after eight cycles. Interestingly, in this case, although the two alveolar sacs in this bifurcation model have a 45°angle to the gravity direction, subsequent cycles did not bring the aerosol front to deeper axial locations than the previous cycles. The behavior of the aerosols at a tidal volume of 0.9 liter (Fig. 7B) was qualitatively similar. The aerosol reached two-thirds into the alveolar sac and deposited faster than at tidal volume of 0.5 liter, reaching full deposition in six cycles instead of eight (Fig. 6) . Figure 8 shows the locations of deposited 1-m particles in the bifurcation model when gravity acted either downward or horizontally. The deposition locations were closely correlated with the transport patterns of the aerosol cloud (Fig. 7) . When gravity acted downward, aerosols deposited in the parent branch and the bifurcation region (Fig. 8, A and C) . Deposition was heterogeneous with high density near the alveolar openings. More distal deposition occurred for a tidal volume of 0.9 liter (Fig. 8C) than for a tidal volume of 0.5 liter (Fig. 8A) . When gravity acted horizontally (Fig. 8B) , deposition was restricted to the dependent half of the parent branch, and very little deposition occurred in the two alveolar sacs.
As demonstrated in Fig. 8 , the transport and deposition of aerosols were strongly dependent on gravity. Figures 5 and 6 show the number of cycles needed for all particles to either deposit or escape the model. Large particles (3 m) reached full deposition or escape within one to two cycles, whereas small particles (1 m) needed up to eight cycles. For example, when gravity acted downward, the number of 1-m particles remaining in suspension at the end of the second and third cycle accounted for 32 and 27% of total released particles, respectively, for the alveolar sac model, and 22 and 12%, respectively, for the bifurcation model. Under zero-gravity conditions, a minimum of dozens of cycles would be required for full deposition or escape based on linear extrapolation of the number of suspended particles in the first several breathing cycles.
Deposition efficiencies for the alveolar sac model and the bifurcation model are shown in Fig. 9 . Deposition in both models was strongly dependent on gravity. For 3-m particles, the deposition varied from Ͻ1% to Ͼ90%, while, for 1-m particles, the variation was smaller (6 -45%). Deposition was comparable for the different model orientations, except for orientation Z p , where deposition was much less. On average, deposition was ϳ33 and 75% for 1-and 3-m particles, respectively, for both tidal volumes and both models. The effect of bifurcation angle and lumen size on aerosol deposition is summarized in Table 1 . Neither the increase in bifurcation angle nor the increase in the size of the alveolar mouth, resulting from a wider lumen size, had a significant effect on aerosol deposition. In zero gravity, the differences in deposition for the two particle sizes was much smaller than in normal gravity, with the deposition for 1 m only a few percent higher than for 3 m. The deposition was 2-3% at tidal volume of 0.5 liter and 4 -5% at tidal volume of 0.9 liter. The weighted deposition efficiency for the alveolar sac and the terminal bifurcation after the first breathing cycle since particle injection started were compared with total deposition in Fig. 10 . After the first breathing cycle, deposition efficiency is around 20 -23% for 1-m particles, and around 71-73% for 3-m particles. Deposition during the first breathing cycle accounted for ϳ67% of total deposition for 1-m particles, and ϳ96% for 3-m particles.
DISCUSSION
Despite previous efforts in estimating the deposition of aerosol particles in the lung periphery, reliable experimental data are still hard to obtain in vivo, and existing modeling results are also very limited. In this study, we have created 3D alveolated airway models that mimic some features of realistic anatomy and have obtained detailed data on deposition efficiency in the distal acinar airways under normal and zero gravity. New flow features in the distal air space were also found as discussed below.
Flow patterns and mechanisms of transport and mixing.
Simulations in our present study are in agreement with those observed in previous modeling studies with moving walls (1, 11, 56) in that the lumen velocity is comparable to, or one order of magnitude larger than, the velocity in the alveoli. Our simulations also showed that transient flow recirculation might exist in the alveolar cavities of the more distal acinar airways (Fig. 3B ) and contribute to weak flow irreversibility. This recirculation may be caused by the instability of the flow field and differs from the recirculation driven by the viscous effects of ductal flow occurring during the inspiration and expiration. Previous studies (37, 55, 56, 60) have shown that the ratio between the flow entering the alveolar cavities and that going through the lumen is a critical factor determining the flow patterns and the existence of flow recirculation inside alveolar cavities. At the proximal end of the bifurcation model, the ratio between alveolar and lumen flows is ϳ0.02. Our simulations showed that, for this flow ratio, a very brief period of flow recirculation and weak flow irreversibility exist. Thus a flow ratio of 0.02 probably lies in the transitional region separating existence and nonexistence of flow recirculations in alveoli, consistent with the predictions by Sznitman et al. (56) .
Recent experimental studies (2, 48) using compliant in vitro replica models of distal acinar regions showed that recirculation eddies did not exist in the two generations immediately proximal to the terminal alveolar sacs. In our simulations, we found that flow recirculation existed in some alveoli for a very brief period during the transition between inspiration and expiration. These transient flow recirculations might have contributed to the observed weak flow irreversibility in our simulations. Since the recirculation lasts for Ͻ1% of the whole breathing cycle, its existence might be hard to detect experimentally. Yet our simulations suggest that recirculation and flow irreversibility, even weak, do occur in distal acinar air space and contribute to gas and aerosol mixing in the lung periphery.
Aerosol deposition. Two particle sizes (1 and 3 m) were considered in this study. These particle sizes are typical of pharmaceutical drugs delivered to the lung periphery. Indeed, previous studies showed that these particles have an ϳ80% chance of reaching the lower airways with 50 -60% being deposited in the alveoli (5, 44, 51, 52). Several observations can be made from the simulations of aerosol transport performed in this study. First, under normal breathing conditions in normal gravity, deposition efficiency in the two most distal acinar generations is ϳ33 and ϳ75% for 1-and 3-m aerosol, respectively, and these efficiencies are not very sensitive to variations in tidal volume and model geometry. Second, in normal gravity, once released in the model, 1-m-diameter particles remain in suspension in the air spaces longer than 3-m-diameter particles (up to 8 breathing cycles for 1-m vs. 2 breathing cycles for 3-m particles). Third, unlike in rigidwalled structures (9) , particles remaining in suspension at the end of a normal expiration do not penetrate deeper into the lung during subsequent breaths, but rather remain trapped at approximately the same axial depth.
One expected result of our simulation is that gravity is the main mechanism of deposition for micrometer-sized particles, and it determines the location, efficiency, and pattern of deposition in the most distal acinar space. While the number of orientations considered in the present study is still very limited, our data provide average deposition efficiencies for the most distal region of the lung. Such data can now be incorporated in various empirical models commonly used in toxicological and dosimetric studies that provide quick estimates of mean deposition in the alveolar region, such as the ICRP66 model (39) or those developed by Park and Wexler (49, 50) .
Because the distal alveolated air spaces can be viewed as a system of randomly oriented ducts, it is important to consider the effect of the orientation of the acinar airways with respect to gravity on deposition predictions. Although the importance of gravity on micron particle deposition in the lung periphery is well known (1, 7, 9, 10, 13, 14, 17-19, 29, 56, 59) , most previous studies have addressed the effect of airway orientation with simple acinar models or considering only a few directions that do not form a complete set in 3D space. Heyder (38) proposed a method to compute particle deposition under gravity within a system of randomly oriented, infinitely long tubes. This method may apply to particle settling in the human respiratory tract during respiratory pause, i.e., when there is no flow, and the assumptions of this model differ significantly from our present study in which cyclic respiratory flow and realistic-sized acinar airways were considered. However, since the effect of gravity depends significantly on the time particles suspend inside the air space, a qualitative comparison between the model of Heyder and our current data is possible, by assuming a sedimentation time of 2-4 s, corresponding to the time a particle may suspend in the model during the first breathing cycle after the particle injection starts. According to Heyder's model, during a breath-hold time of 2 s, the average deposition efficiency in a cylindrical tube randomly oriented in gravity field is 12% for 1-m particles and 80% for 3-m particles; for a breath-hold time of 4 s the deposition efficiency is 22% for 1-m particles and 96% for 3-m particles. In our present study, the deposition efficiency after the first breathing cycle is 23% (1 m) and 71% (3 m) for the alveolar sac model, and 20% (1 m) and 73% (3 m) for the bifurcation model. These predictions are qualitatively comparable with those obtained with the sedimentation model of Heyder. This again shows that gravity plays a dominant role in particle deposition in peripheral lung and also supports our method of computing the weighted average deposition using CFD.
Previous studies (9, 10, 15, 16, 50) have suggested that particles remaining in suspension in the acinar airways at the end of a breathing cycle are brought to deeper depth in the lung during subsequent breathing cycles, where they could eventually deposit. These suggestions were based on predictions made in models with rigid walls in which no convective exchange existed between the alveolar cavities and the lumen. In models with moving boundaries, significant convective exchange occurs between alveolar cavities and the lumen. Our present study showed only a modest increase in the penetration of particles during subsequent breathing (Fig. 7) , suggesting that the penetration of aerosols beyond the inspired volume in the most distal air space is not as pronounced as in previous studies using models with rigid walls. This is due to the lack of dominant flow direction in the alveolar sac, where the axial and radial momentum are of comparable magnitude (37) . It should be noted though that further penetration of suspended particles in more proximal acinar airways is still expected, as axial momentum dominates transport in these proximal airways.
Our simulation also showed that, in normal gravity, a substantial number (up to 27%) of 1-m particles remain in suspension at the end of the first two cycles after particle injection; therefore, for small particles, multiple-breath simulations, such as in the present study, are needed for an accurate estimation of total deposition in acinar airways. This was also suggested in previous studies with two-dimensional rigid model (9, 10) , where up to 45% of 1-m particles remained in suspension at the end of the first breathing cycle after bolus particle injection.
The question arises as to whether or not the micron sized aerosols can reach the most distal air space such as the alveolar sac. It is important to note that in the real lung, the acinar structure is asymmetric, and that alveolar sacs can be found in different generations ranging between the 6th and 12th generation of the acinus (31). This is illustrated in the hypothetical five-generation model shown in Fig. 2 , where alveolar sacs are present in the last four generations of the model. Morphometric studies by Hansen et al. (32) showed that less than one-half of alveolar sacs originated from the most distal ducts, and that the majority are found in the more proximal ducts. The trajectories of massless particles, as well as the deposition of 3-m aerosol particles, were predicted in this five-generation model after one 4-s breathing cycle for a tidal volume of 0.9 liter, when gravity was acting along the axial direction of the most proximal alveolar sac (Fig. 11) . Our simulations showed that, while the massless fluid particles did not reach the two most distal alveolar sacs, they did reach the more proximal ones (Fig.  11A) . Correspondingly, none of the 3-m aerosol particles deposited in the most distal alveolar sacs, but a significant portion of them deposited on the wall of the proximal alveolar sac (Fig. 11B) . This example showed that, depending on the gravity direction and the position of the alveolar sacs along the acinar tree, particles can indeed penetrate and deposit in alveolar sacs, such as those considered in this study. Although in this specific example little deposition occurred in the last bifurcation, we cannot rule out that, under different conditions, significant deposition can occur in a terminal bifurcation. Note that the concept of a bifurcation tree in the acinus is for simplicity and ease of modeling, but does not fully represent the true anatomy in all cases. Hansen et al. (32) found that the alveolar duct branching is best described as polychotomy. Thus a terminal bifurcation, as in our present study, is not necessarily at the very end of the acinus, but may occur close to the entrance of an acinus and becomes a potential site of particle deposition.
Limitations. As for most previous modeling studies in this area, a major limitation of the present study is the lack of direct experimental validation. This limitation is partially relaxed, considering our previous in vitro validation study (47) , where we have shown that CFD simulations using similar techniques as in the present study predicted particle trajectories that were close to experimental measurements. Although this cannot substitute for direct experimental validation, it is reasonable to assume that reliable and accurate results have been obtained in our acinar models. Our present study is also limited to two breathing conditions, with different tidal volumes, but only one breathing frequency. Recent experimental measurements in rats by Karrasch et al. (41) showed that total deposition only weakly depended on breathing frequency, but linearly increased with tidal volume. These data suggest that our conclusions are unlikely to be majorly biased by using only one breathing frequency. Results in our present study showed that the effect of tidal volume on deposition efficiency in the distal acinar airways is minor or negligible. However, while deposition efficiencies were similar, change in tidal volumes had a significant effect on deposition pattern within the model.
Our present acinar geometry models incorporated two key features of realistic distal airways, i.e., alveolation and bifurcation. Despite this, some necessary simplifications for modeling purposes were still assumed. Alveoli were assumed to have a spherical shape and do not intersect with each other, which prevented modeling of the alveolar septa. Spherical- shaped alveoli have also been used in some recent experimental and numerical studies (6, 7, 48 ) of acinar flow and particle transport. The alveolar sac model used by Oakes et al. (48) is similar to our present model, with the difference that alveoli intersected with each other in their model, while it remained distinct in ours. Also, in our model, the positions of alveoli were found by using the algorithm described in the APPENDIX rather than predetermined. Besides the commonly seen spherical shape, other shapes, such as polyhedron, have also been observed and used in previous modeling studies (43) . With appropriate modifications, such nonspherical shapes could be used in acinar models created with similar techniques as in the present study. A single alveolar diameter was assumed for all alveoli in our models, a simplification of the in vivo case (23, 26, 31, 32, 42, 53, 54, 67) . Indeed, different sized alveoli are usually clustered around a common lumen, and there are variations in alveolar size within the same acinus and between different acini (31, 32) . It is still unclear if these geometrical differences significantly affect aerosol deposition in acinar airways.
Only ϳ50% of the inner lumen surface of the models was occupied by alveolar openings. This low surface alveolation rate is due to the use of equal alveolar size, mean morphometric values for model parameters, and Euclidean distance for arranging alveoli centers. Percent alveolation could be increased by using geodesic distance on the surface for arranging alveoli to improve the packing density and by using spheres of different sizes. The increase in surface alveolation, however, is likely of minor importance for flow patterns and particle deposition, since the volume ratio between alveoli and lumen was close to that observed in vivo. It is already well known that this volume ratio is the most important factor in modeling acinar airways (37, 55, 56, 60) . Our method for generating multigeneration alveolated airways also differs from those previous efforts (34, 45) for generating multigeneration bronchial airways: our model is suitable for simulating distal air space in which alveolation is common, whereas the abovecited models are suitable for more proximal airways in which no alveolation occurs.
In our present particle modeling framework, Brownian force was ignored, and the trajectory of a particle was determined by its position in relation to the model boundary. Deposition occurred when the distance from the center of a particle to the wall was less than its radius. Thus the interaction of particle and wall during flow simulation determined the accuracy of particle deposition. In this regard, the effect of the Brownian force on particle deposition is probably more important than what would be thought based on analysis of magnitude of different forces only. Therefore, although its magnitude is expected to be small, including the Brownian force may potentially increase the accuracy in the prediction of the deposition of 1-m particles.
As to the mechanism of deposition at zero gravity for the particle sizes in our present simulation, which is ϳ2-5%, it is likely that, while inertial impaction is negligible, convective transport and weak flow irreversibility still exist that transport particles to different places in the acinar air space, including places near the wall where deposition may occur. Although numerical inaccuracy inevitably existed in our results, the small deposition in zero gravity likely cannot be explained exclusively by simulation errors. Recent simulations of Haber et al. (30) showed that the mechanism of geometrical interception may contribute to fine particle deposition in zero gravity under rhythmic wall motion. This mechanism may also help to explain our data.
Total deposition efficiency was defined as the percentage of particles that finally deposit on the model wall, and the escaped particles were ignored. In a real lung, the escaped particles may return and affect the predicted deposition, although the fraction of such returned particles is likely to be a small fraction of original injected particles due to deposition in proximal air space. However, the predicted deposition efficiency in the first breathing cycle, as shown in Fig. 10 , is not affected by any returned particles.
Finally, it is worthwhile to note that the simulations described in this study were mostly restricted to the alveolar sac and the terminal acinar bifurcation. It remains to be verified if these results can be extended to more proximal acinar generations.
Concluding remarks. We have created 3D acinar airway models with arbitrary bifurcation angles in which we predicted average deposition efficiency for 1-to 3-m aerosol particles in the most distal airways of the human lung. This method provides a new valuable tool to generate reference data for studies of aerosol deposition in the lung. Our simulations showed that weak transient flow recirculation and irreversibility exist in the most distal lung and that models with moving wall and multiple breathing cycles are needed for accurate estimation of aerosol deposition in acinar airways.
APPENDIX: OUTLINE OF PROCEDURES TO CREATE 3D MODELS OF ALVEOLATED MULTIGENERATION ACINAR AIRWAYS
In this study, it was assumed that 1) all alveoli have spherical surface and can be created by truncation of spheres; 2) all alveoli are of the same size, i.e., the diameter of the mother sphere is the same; 3) the centers of all alveoli, represented by the center of mother spheres, lie on an outer surface that is of the same shape as the inner airway lumen surface but larger; and 4) the inner lumen surface and outer surface can be of any regular or irregular shape, such as cylindrical, conic, etc., but each has only one opening that connects to the proximal airways. We then used the following steps to create 3D models of alveolated multigeneration acinar airways with arbitrary bifurcation angles and inner lumen shape, which mimic some features of realistic acinar airways. Gambit software was used to create the 3D models and the meshes, while a Matlab program was used to find the centers of spheres. Other suitable computer-aided design and mesh generation software and programming language can also be used.
1) According to assumed inner lumen shape and size, alveolar diameter, and alveolar opening size, determine the shape and size of the outer surface.
2) Create the surface model of the outer surface, and create a triangular surface mesh of the outer surface.
3) Using the nodal coordinates of the outer surface mesh, find the centers for spheres that will be used to create alveoli.
3a) The node furthest from the opening is the first center. 3b) From the pool of nodes, excluding the existing centers, find the one that has the shortest Euclidean distance to the first center node, yet its Euclidean distance to all existing center nodes is still larger than the chosen alveolar diameter. This node is added to the list of existing center nodes. 3c) Repeat step 3b until no additional center nodes can be found.
4)
Create model of inner lumen volume.
5)
Create spheres according to the specified center locations and diameter. Discard the ones that intersect the opening surface.
6) Create union of volume models of inner lumen and spheres. The united model is the final model created. Volume mesh is then created, and boundary conditions are set, and the whole model can be used in CFD software for simulations.
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